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Computational and Performance Analysis of a
Continuous Magnetophoretic Bioseparation Chip with
Alternating Magnetic Fields
Matin Golozar · Majid Molki · Jeff Darabi

Abstract This paper presents the modeling and optimization of a magnetophoretic
bio-separation chip for isolating cells, such as circulating tumor cells (CTCs) from
the peripheral blood. The chip consists of a continuous-flow microfluidic platform
that contains locally engineered magnetic field gradients. The high gradient magnetic field produced by the magnets is spatially nonuniform and gives rise to an
attractive force on magnetic particles flowing through a fluidic channel. Simulations of the particle-fluid transport and the magnetic force are performed to predict
the trajectories and capture lengths of the particles within the fluidic channel. The
computational model takes into account key forces, such as the magnetic and fluidic forces and their effect on design parameters for an effective separation. The
results show that the microfluidic device has the capability of separating various
cells from their native environment. An experimental study is also conducted to
verify and validate the simulation results. Finally, to improve the performance of
the separation device, a parametric study is performed to investigate the effects
of the magnetic bead size, cell size, number of beads per cell, and flow rate on the
cell separation performance.
Keywords Magnetophoresis · Bioseparation chip · Particle Trajectory · Particle
trapping

1 Introduction
Integrated microfluidic devices for magnetic cell separation is a relatively new field.
Over the past decade, great progress has been made in this field and numerous
microfluidic-based magnetic cell separation devices have been fabricated and tested
to separate and capture various biological entities (Adams et al. 2008; Darabi and
Guo 2016; Derec et al. 2010; Forbes and Forry 2012; Furlani 2007; Han et al.
2006; Hoshino et al. 2011; Jung and Han 2008; Jung et al. 2010; Khashan et al.
2014; Lee et al. 2010; Liang et al. 2013; Liu et al. 2007; Pamme and Wilhelm
2006; Plouffe et al. 2012; Shen et al. 2012; Verbarg et al. 2012; Xia et al. 2006;
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Zeng et al. 2013). Such microsystems typically range in size from millimeters to
centimeters and are usually fabricated using polymer-based or planar glass-silicon
substrates (Khashan and Furlani 2012). Implementing magnetic functionality into
the microfluidic devices can be done by placing magnetic elements in the vicinity of
the microchannel. Such elements produce magnetic field inside the channel which
exert an attraction force on the labeled biomaterials as they flow through the
channel.
The separation process requires labeling the desired biological entities with
magnetic beads, which play an important role in biomedical and clinical diagnostic applications. Micrometer-sized magnetic beads are usually fabricated by
encapsulating magnetite (F e3 O4 ) nanoparticles in an organic (polymeric) or inorganic matrix (Arruebo et al. 2007). There are two common methods to bind the
magnetic beads to biomaterials, direct and indirect binding. In direct binding the
surface of the magnetic beads is coated with biocompatible molecules and are directly attached to the specific target biomaterial. Indirect binding requires at least
one antigen to make it possible for the beads to attach to the target biomaterial
(Hale and Darabi 2014).
Magnetic cell-separation technique appears to show some advantages over other
methods (e.g., electric (Pethig 2010; Regtmeier et al. 2011), acoustic (Laurell et al.
2007; Lin et al. 2012), optical (Cho et al. 2010; Kayani et al. 2012), and hydrodynamic (Di Carlo 2009; Tsutsui and Ho 2009)) such as simplicity and low-cost
(Liang et al. 2013). Microfluidic devices that are engineered with permanent magnets enable on-chip manipulation of magnetically labeled biomaterials which requires no power consumption. In addition, since biosample fluids usually exhibit
non-magnetic properties, they are not affected by the applied magnetic field and
do not interfere with the magnetically labeled materials. Additionally, magnetic
cell-separation devices are less sensitive to factors such as ionic concentration, pH,
and surface charge (Khashan and Furlani 2012). Another benefit of using external
magnets is the prevention of sample contamination since the magnet elements are
not in direct contact with the biosample fluids. The nature of continuous flow in
microfluidic devices significantly reduces the amount of non-target materials that
can be trapped beneath target materials and it allows for real-time monitoring of
separation efficiency (Khashan and Furlani 2012; Pamme 2012).
In recent years, significant contributions have been made to the development of
analytical and computational models in the field of magnetophoretic bio-separation
chips. Khashan et al. (2014) performed a computational study to model a magnetic
bioseparation device with flow-invasive magnetic elements to separate magnetic
particles. The magnetic elements were magnetized using a bias field and placed
beneath the chip with their length transverse to the flow. It was reported that
the proposed scheme would overcome the limitation of the channel size and the
disadvantage of short-range magnetic force. Furlani et al. (2007) proposed a microfluidic device based on a mathematical modeling for continuous separation of
white and red blood cells from plasma. An external magnetic field was used to
magnetize an array of integrated soft-magnetic elements that were placed transverse to the microchannel. Diamagnetic and paramagnetic behavior of WBCs and
RBCs was found to be a key factor for the cell-separation process in this study.
In another study, Khashan and Furlani (2012) presented a numerical approach
to investigate the effects of particle-fluid coupling on particle transport and capture in a magnetic-based microfluidic device. Their analysis showed that at high
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particle concentrations, a one-way particle-fluid coupling (assuming that the particles do not affect the fluid flow) overpredicted the magnetic force required to
capture the particles. The authors concluded that for more accurate predictions,
two-way particle-fluid coupling was required. Kashevsky et al. (2013) presented
an analytical model to study the motion of superparamagnetic particles driven by
a non-uniform magnetic field in a liquid. The model can be used to analyze and
design batch systems with different shapes of magnets.
The work presented in this paper combines magnetic fields, fluid fields, and
particle tracing to simulate the trajectories of tens of thousands of particles in
a microfluidic platform. This microfluidic-based magnetophoretic bioseparation
chip utilizes locally engineered high magnetic field gradients and offers significantly
higher throughputs compared to the recently developed microfluidic devices where
flow rates were limited to less than 30 mL/h (Chen et al. 2014; Earhart et al. 2014).
In addition, this study presents a comprehensive parametric study to optimize the
performance of the bioseparation chip

2 Theoretical background
Figure 1 shows a schematic representation of the magnetic separation chip. A
mixture of target and non-target cells, is introduced into the separation channel.
Among the particles moving along the channel, those with beads attached to them
experience a magnetic force, which is governed by the gradient of the magnetic
flux, and are pulled downward and immobilized on the magnetic surfaces. As the
particles move forward, the target cells are trapped by the magnetic field and the
non-target cells that are not affected by the magnetic field will flow out through
the separation channel.

Fig. 1 Schematic of the magnetic cell separation device.
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In the presence of an external magnetic field, the dominant forces acting on a
magnetic particle traveling through a magnetophoretic chip are the hydrodynamic
drag force (Fd ), the gravitational force (Fg ), and the magnetic force (Fm ) (Inglis
et al. 2004). The magnetic force exerts an attractive force on magnetically-labeled
particles and selectively pulls them towards the permanent magnets. In general,
the magnetic force acting on a magnetic particle can be written as (Purcell and
Morin 2013)
Fm = (mb · ∇)B

(1)

where mb is the magnetic dipole moment of the particle and B is the applied
magnetic field (Bleaney and Bleaney 1989; Jackson 1999). If the particle has a volumetric magnetization Mb , the dipole moment of the particle is given by (Purcell
and Morin 2013)
mb = Vb Mb

(2)

where Vb is the volume of the magnetic bead. The magnetic beads used in this
study show superparamagnetic behavior. Superparamagnetic beads are soft magnetic materials and do not retain their magnetism after applied magnetic field is
removed. The magnetization of the bead is a function of the applied magnetic field
and is a linear function of the field intensity up to a magnetic flux of approximately
0.1 T, after which it remains nearly constant, with a saturation magnetization of
Msat that is independent of the applied magnetic field (Darabi and Guo 2013). In
the saturation region, which is the case in this study, the magnetization is nearly
constant, Mb = Ms , and the magnetic force can be approximated as
Fm = Vb (Msat · ∇)B

(3)

In order to implement an effective separation, magnetic beads must be attached
to the cell surface. The resulting cell-bead complex is not spherical, which makes
it difficult to calculate the drag force. However, if the bead size is small compared
to the cell size, the approach presented by Häfeli et al. (Häfeli et al. 2013) can be
used to estimate the drag force. If N magnetic beads bind to a cell, the effective
mass, volume, density, and radius of the cell-bead structure can be estimated by
mp = mc + N mb = ρc Vc + N ρb Vb

(4)

Vp = Vc + N Vb

(5)

ρp =

ρc Vc + N ρb Vb
Vc + N Vb

Rp = (

3
Vp )1/3
4π

(6)
(7)

where N is the number of magnetic beads and subscripts p, c, and b represent
cell-bead complex, cell, and bead, respectively. Since the magnetic beads used in
this study are much smaller compared to the cells they are attached to (1 micron
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beads vs. 10 to 30 micron cells), the use of effective radius in drag force calculation
does not introduce a significant error. Assuming that magnetically labeled cells are
spherical, the hydrodynamic drag force is described by Stokes' law.

Fd = 6πηRp (Vp − Vf )

(8)

where Rp is the radius of the cell-bead structure, η is the fluid viscosity, and
Vp and Vf are the velocities of the particle and fluid, respectively.
The net gravitational force, which can be defined as the difference between the
weight of an immersed particle and an upward buoyancy force exerted by fluid, is
given by

Fg = −Vp (ρp − ρf ) g

(9)

where Vp , ρp , ρf , and g are the particle volume, the density of the particle and
fluid, and the acceleration due to gravity, respectively. It is also worth mentioning
that, particle-particle interaction and particle-fluid interaction can be ignored for
particle suspensions with small particle volume concentration of less than 5%,
which is the case in the present study (Furlani 2006).

3 Device physics and design
Figure 2 shows an image of the assembled microfluidic chip. The device consists of a
continuous-flow microfluidic chip that contains high gradient magnetic fields along
the channel. High gradient magnetic fields, produced by an array of magnets with
opposing poles are spatially non-uniform and provide large attractive forces on
magnetic particles that travel through the channel. The chip is made of a bottom
glass substrate, inlet outlet ports, a buffer port, a thin double-sided polyimide
tape in which the separation channel is made, and a top coverslip. A microscope
slide with dimensions of 25 mm × 75 mm × 1 mm is used as the bottom glass
substrate. The top substrate is a glass coverslip with the same dimensions, but a
thinner thickness of 160 µm. This thin coverslip made it possible to view the 1
µm magnetic particles at high magnifications. Three 1 mm holes were drilled in
the top substrate for the inlet, outlet, and buffer ports. The flow channel was cut
out of a 200 µm thin double-sided polyimide tape and sandwiched between the
bottom and top substrates. The width of the channel was 10 mm. An array of 16
NdFeB magnets was placed at the bottom of the chip to produce magnetic field
within the channel. The permanent magnets were grade 52 block NdFeB magnets
and were purchased from K&J Magnetics, Inc. (Pipersville, PA).
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Fig. 2 An image of an assembled chip.

4 Simulation results
4.1 Geometry and Boundary Conditions
A no-slip boundary condition was applied at the walls. At the inlet of the channel,
a Dirichlet boundary condition with a constant velocity was applied to the channel
inlet. The pressure at the outlet of the channel was uniform and equal to zero.
For the permanent magnets, a relative permeability of 1.05 and a normal value
of Br = 1.43 T for the remanence field were used. The initial velocities of the
particles at the inlet of the channel were assumed to be equal to the corresponding
fluid velocity at that point. Since the aspect ratio of fluidic channel (the ratio
of the channel height to its width) is very small (≈ 1:50), a symmetry boundary
condition was applied to the symmetry planes located at z = 0 and z = 0.02 m.

4.2 Magnetic field distribution
Magnetic field was simulated using the open-source software OpenFOAM for an
array of magnets with opposing poles and the results were then used to study
the behavior of particles motion in the presence of the magnetic field. The overall
dimensions of the permanent magnets used in this study were 19 mm × 1.6 mm ×
6.35 mm (3/4” × 1/16” × 1/4”). The magnets are magnetized through the 6.35
mm dimension.
4.2.1 Modeling of a Single Magnet
A 3-D model of a single block magnet was created in OpenFOAM software. For
NdFeB N52 grade magnets, a relative permeability of 1.05 and a normal value of
Br = 1.43 T for the remanence field were used (Campbell 1996). Figure 3 shows
the variation of the magnetic flux density as a function of the distance from the
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surface of the magnet. As can be seen from this figure, the magnetic flux density
is approximately 0.7 T at the surface of the magnet and decreases nonlinearly as
the distance from the surface of the magnet increases.
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Fig. 3 Magnetic flux density as a function of distance from the surface of a single magnet.

4.2.2 Modeling an Array of Magnets

To investigate the effect of an array of magnets on the magnetic field distribution,
the number of magnets was varied from 2 to 16. A repeatable magnetic field
pattern at the interface of the magnets was observed when more than eight magnets
was used. Figure 4 shows the distribution of the magnetic field for an array of 8
magnets. As can be seen from this figure, the magnetic flux density is nearly the
same at the surface of each magnet and reaches its maximum value at the interface
of the magnets, which is due to the alternating polarity arrangement (first magnet
has north facing up, second magnet has south facing up, third magnet has north
facing up, etc.). Therefore, the magnetic field along the channel has a repeating
pattern between two peaks. Also, as the distance from the surface of the magnets
increases, the peak values of the magnetic field decreases. A comparison between
Figs. 3 and 4 clearly indicates that when an array of magnets with opposing poles
is used, the magnetic flux density increases significantly at the interface of the
magnets due to the alternating polarity arrangement.
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Fig. 4 Normal magnetic flux density distribution for an array of 8 magnets at various distances
from the surface of the magnets.

4.3 Separation process modeling
Figure 5 is a demonstration of a two-dimensional cell separation process for a case
where 20 µm cells with different number of beads attached to them are injected
into the separation channel. Red, yellow, light blue, and dark blue cells are tagged
with 20, 10, 5, and 2 beads, respectively. The bead size and flow rate were 1 µm and
100 ml/h. The saturation magnetization, magnetic susceptibility, and density of
the beads are 24 (Am2 /kg), 8×10−4 (m3 /kg), and 1700 (kg/m3 ), respectively. The
top, middle, and bottom windows demonstrate the snap shot images of different
regions along the channel. The first window shows the entrance region which is
free of magnets and the particles flow through this region without any deflection.
Separation of the particles starts as soon as the particles experience the magnetic
force. As the particles flow through the separation channel, they are gradually
pulled down towards the magnets and are immobilized on the magnetic surfaces.
The second window represents the channel above the 3rd and 4th magnets (1114 mm from the inlet port). Red particles with 20 beads attached to them are
separated within this region. As the number of beads decreases, the particles travel
a longer distance before being captured. Yellow particles with 10 beads attached
to them, are isolated within the 7th and 8th magnets (17-20 mm from the inlet
port). For this particular case, 15 magnets are required to capture light blue cells
with five beads attached to them (third window, 29-32 mm from the inlet port).
Finally, the dark blue particles with 2 beads attached to them do not get captured
and flow out of the separation channel.

9
Cells with 20 beads
attached to them.
Cells with 10 beads
attached to them.
Cells with 5 beads
attached to them.
Cells with 2 beads
attached to them.

Fig. 5 Particle trajectories for 20 µm cells with different number of beads attached to them.
Red, yellow, light blue, and dark blue cells are tagged with 20, 10, 5, and 2 beads, respectively.
The bead size and flow rate were 1 µm and 100 ml/h.

Figure 6 represents a two-dimensional cell separation process for a case where
cells with different sizes are injected into the separation channel. The diameter of
red, green, and blue cells are 15 µm, 20 µm, and 25 µm, respectively. Similar to the
previous case, different windows demonstrate different regions within the channel.
Initially, the particles travel through the entrance region without any deflection in
their trajectory. Smaller particles experience smaller drag force compared to larger
particles, as a result, smaller particles are expected to get captured faster. Second
window shows the separation of 15 µm diameter red particles inside the channel
above the 5th and 6th magnets (14-17 mm from the inlet port). 8 magnets are
required to fully separate the green particles with particle size of 20 µm (17-20
mm from the inlet port). Finally, the largest particles with the diameter of 25 µm
are separated within 10 magnets (20-23 mm from the inlet port).
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25 µm cells

20 µm cells

15 µm cells

Fig. 6 Particle trajectories for cells with different diameters. The diameter of red, green, and
blue cells are 15 µm, 20 µm, and 25 µm, respectively. The number of beads, bead size, and
flow rate were 10, 1 µm, and 100 mL/h.

5 Experimental setup
To verify and validate the simulation results, a series of tests were conducted
using magnetic beads and the trajectories of the beads within the channel were
monitored and recorded. Since it was impossible to observe and capture images
from the side-view of the channel, efforts were made to come up with a chip
design that enables us to monitor and observe the trajectories of the magnetic
beads from the top under an optical microscope. The design of the chip was such
that the magnets were placed at the edge of the chip and the distance between
the channel and the magnets was 1 mm. This arrangement is similar to the chip
design used in the simulations where the channel height was 200 µm and the
magnets were placed on the bottom of the chip, 1 mm away from the channel. The
average velocity was kept at 13.9 mm/s. At this velocity, the equivalent flow rate
in a chip with a channel width of 10 mm and a channel height of 200 µm (same
dimensions used in the simulations) would be 100 mL/h. Figure 7(a) shows a CAD
drawing of the microfluidic pattern which allows viewing the particles from the
top by placing the magnets at the edge of the chip. A photograph of an assembled
chip is shown in Fig. 7(b). To perform experiments, a 1:100 dilution sample was
prepared by mixing 10 µL magnetic beads with 990 µL deionized water under
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gentle shaking. The diameter of the magnetic beads was 1 µm. Before introducing
the sample into the channel, the chip and tubing were washed with deionized water
and soaked with 20 % bovine serum albumin (BSA) for 30 minutes and rinsed with
an isolation buffer. Next, 1 mL of the diluted bead sample was injected into the
separation channel using a bidirectional milliGAT pump. The trajectories of the
beads were observed under an optical microscope and captured at various sections
of the chip along the channel.

(a)

(b)

Fig. 7 (a) A CAD drawing of the microfluidic channel. (b) A fabricated glass based microfluidic device.

6 Experimental results
Figure 8 displays a comparison between the experimental and simulation results for
1 µm magnetic beads at an average fluid velocity of 13.9 mm/s. The channel height
is 200 µm and the length of each frame is 400 µm which is approximately equal to
1/4 of a magnet. Efforts were made to ensure a close approximation between the
model and the actual bead separation experiments. 10,000 magnetic beads were
injected into the channel and their trajectories were observed under an optical
microscope. In the absence of magnetic fields, particles are uniformly spread across
the entrance region of the channel and move with fluid in the x-direction. This
is evidenced by the experimental image in window a, and the simulated particle
trajectories in window a0 . When the magnetic particles approach the magnets, they
are deflected towards the bottom of the channel due to the downward magnetic
force, resulting in a particle-free region near the upper wall of the channel. Window
b depicts a region above the first magnet which indicates that the magnetic beads
are confined within approximately the bottom 2/3 of the channel. This observation
is consistent with the predicted particle trajectories as shown in frame b0 . Frames
c and d demonstrate the particle trajectories above the 2nd the 3rd magnets,
respectively. The results indicate that the magnetic beads are further pulled down
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and confined within the bottom 1/2 and 1/3 of the channel. Also, as can be seen
from these images the experimental and simulation results are in good agreement.

a

a'

1/3h

b

b'

1/2h

c

c'

d

d'

h =200 µm

′

2/3h

Fig. 8 A comparison between the experimental and simulation results for the deflection of 1
µm magnetic beads at an average fluid velocity of 13.9 mm/s. Left images show micrographs
of experimental observations while the right figures show the simulated trajectories. Panels
a and a0 : Entrance Region. Panels b and b0 : First Magnet. Panels c and c0 : Second Magnet.
Panels d and d0 : Third Magnet.

7 Parametric study
To improve the performance of the separation device, a parametric study was
performed to investigate the effects of the number of beads per cell, cell size, flow
rate, and magnetic bead size on the cell separation performance. For all cases, the
height of the channel and the thickness of the substrate were kept constant at 200
µm and 1 mm, respectively. Other parameters such as number of beads, cell size,
flow rate, and bead size were varied. The location of the first magnet is represented
by a dashed line at x = 7 mm in Figs. 9 to 12.
Figure 9 shows the particle trajectory for different number of beads attached
to each cell. The cell size and bead size were 20 µm and 1 µm, respectively. The
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flow rate was 100 ml/h which corresponds to the average velocity of 13.9 mm/s
within the channel. The results indicate that the trapping length decreases as the
number of beads increases. This is because the magnetic force is proportional to
the number of beads, and as the number of beads increases, the magnetic force
increases as well. The results also show that for the cell size of 20 µm and the flow
rate of 100 ml/h, at least 5 magnetic beads are required to capture the cells.

200

4 Beads
5 Beads
7 Beads
10 Beads
20 Beads

Vertical Position (µm)

150

100

50

0
0

5

10

15
20
25
Horizontal Position (mm)

30

35

40

Fig. 9 Particle trapping for different number of beads per cell. The cell size, bead size, and
flow rate were 20 µm, 1 µm, and 100 ml/h.

The correct number of beads that are required to separate cells depends on
the average cell size. Red blood cells can vary in size due to pathologies but they
are mostly 7.5-8 µm in diameter. The average size of a white blood cell is around
10 µm in diameter and circulating tumor cells appear to have a diameter between
12 µm and 25 µm.
Figure 10 shows the particle trajectory for cell sizes of 10 µm, 15 µm, 20 µm, 25
µm, and 30 µm. Depending on the cell size, the average number of beads attached
to each cell can vary, however, here the number of beads was assumed to remain
constant and equal to 10 in all cases. The results show that for the flow rate of
100 mL/h, the capture length increases as the size of the cell increases. This is
due to the fact that, the drag force is proportional to the cell size, and as the cell
size increases, the drag force increases. Thus, for a constant magnetic force, the
capture length increases with increasing the cell size.
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Cell Diameter 15 µm
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Cell Diameter 25 µm
Cell Diameter 30 µm

Vertical Position (µm)

150

100

50

0
0

5

10
15
Horizontal Position (mm)

20

25

Fig. 10 Particle trapping for cells with different sizes. The number of beads, bead size, and
flow rate were 10 , 1 µm, and 100 mL/h.

Separation of small micro particles at different flow rates highly depends on
the magnitude of the magnetic force inside the channel. For larger magnetic forces,
higher input flow rates can be used to inject the particle-fluid solution inside the
channel. As shown in Figure 11, the capture length increases as the flow rate
increases. This is because the particle velocity along the channel increases with
increasing the flow rate, resulting in a larger capture length. The results also show
that as the flow rate exceeds 250 mL/h, depending on the position of the particle
inside the channel, some of the particles do not get captured and exit the channel.

Magnetic beads come in several sizes for use in a wide variety of applications.
Dynabeads are available in three different diameter sizes - 1 µm, 2.8 µm, and 4.5
µm. Figure 12 shows the effect of different bead size on the particle trajectory. The
number of beads, cell size, and flow rate were 1, 20 µm, and 100 mL/h, respectively.
As can be seen, the capture length decreases as the bead size increases. This is
due to the fact that the magnetic force is proportional to the cube of the diameter
of the bead, Eq. (3), and as the bead size increases from 1 µm to 2.8 and 4.5 µm,
the magnetic force increases by a factor of 20 and 90 times, respectively, resulting
in a shorter capture length. The results show that the particles tagged with 2.8
and 4.5 µm beads are captured within 5 mm and 1 mm from the first magnet,
respectively, while a 1 µm bead size is not sufficient to trap the particles.
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Fig. 11 Particle trapping for different flow rates. The number of beads, cell size, and bead
size were 10, 20 µm, 1 µm.
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Fig. 12 Particle trapping for cells with different bead size attached to them. The number of
beads, cell size, and flow rate were 1, 20 µm, and 100 mL/h.

8 Conclusions
In summary, trajectories and capture of bioparticles were successfully simulated in
a magnetophoretic bio-separation chip. It was shown that, due to the alternating
polarity arrangement of the magnets, large magnetic fields gradients were produced inside the channel. Simulations were performed to predict the trajectories
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and capture length of the particles within the separation channel. The numerical
simulation results were verified by conducting an experiment, where the deflection
of 1 µm magnetic beads at an average fluid velocity of 13.9 mm/s inside the separation channel was studied. A good qualitative agreement between the experimental
and numerical results was obtained. Finally, A comprehensive parametric study
was performed, which indicated that the trapping length decreases with increasing the number of beads per cell and the bead size. However, the trapping length
increases as the size of the cell increases. The size of the beads greatly influenced
the capture efficiency. As the bead size increases from 1 µm to 2.8 and 4.5 µm,
the magnetic force increases by a factor of 20 and 90 times, respectively, allowing
the chip to operate at higher sample flow rates.
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